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ABSTRACT
Most existing whole lung models neglect the airway deformation kinematics and assume the lung airways are static. However, neglecting the
airway deformation effect on pulmonary air-particle flow dynamics significantly limits the modeling capability under disease-specific lung
conditions. Therefore, a novel elastic truncated whole-lung (TWL) modeling framework has been developed to simulate the disease-specific
airway deformation kinematics simultaneously with pulmonary air-particle flow dynamics using one-way coupled Euler–Lagrange method
plus the dynamic mesh method. Specifically, the deformation kinematics of the elastic TWL model was calibrated with clinical data and pulmonary function test results for both healthy lung and lungs with chronic obstructive pulmonary diseases (COPDs). The transport dynamics
of spherical sub micrometer and micrometer particles were investigated. Results show that noticeable differences in air-particle flow predictions between static and elastic lung models can be found, which demonstrates the necessity to model airway deformation kinematics in
whole-lung models. The elastic TWL model predicted lower deposition fraction in mouth-throat regions and higher deposition fraction in
lower airways. The effect of disease-specific airway deformation kinematics on particle transport and deposition in the whole lung was investigated, with a focus on the targeted drug delivery efficiency in small airways from generation (G8) to alveoli as the designated lung sites for
COPD treatment using inhalation therapy. Simulation results indicate that with the exacerbation of COPD disease conditions, the highest
delivery efficiency of the inhaled drug particles decreases which indicates that delivering aerosolized medications to small airways to treat
COPD is more challenging for patients with severe disease conditions.
Published under an exclusive license by AIP Publishing. https://doi.org/10.1063/5.0065309

I. INTRODUCTION
Chronic obstructive pulmonary disease (COPD) is the fourth
leading cause of death in America, which causes severe breathing difficulty due to airway stiffening, loss of airway deformation capability,
and airway blockage induced by inflammation. As the standard
COPD treatment, inhalation of therapeutic nano-/micro-particles has
illustrated a long-standing drug delivery barrier to achieving desired
therapeutic outcomes,1 i.e., only <25% of the drug particles can be
delivered to the deeper lung with most of the particles depositing in
the upper airway. To overcome such a barrier and increase the drug
delivery efficiency from today's 25% to 90% to the deeper lung [generation 8 (G8) to alveoli] for the better therapeutic outcome and reduced
side effects, it is imperative to understand the pulmonary air-particle
flow dynamics and the interaction with physiologically realistic airway
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deformation kinematics on a disease-specific level. The COPD induced
loss in airway deformation capability limits the delivery of inhaled
therapeutic particles to the deeper lung, of which the underlying
fluid dynamics has not been well understood, unfortunately.
Although computational fluid-particle dynamics (CFPD)
models,2–4 i.e., Euler–Lagrange based virtual lung models, can capture the laminar-to-turbulence pulmonary airflows accurately and
predict the trajectories of embedded particles, most existing CFPD
studies shares the following two simplifications as the model
deficiencies:4–8
(1) Pulmonary routes (i.e., computational flow domain) are incomplete in that they do not span from mouth to alveoli.
(2) Static airway wall position is assumed by neglecting physiologically realistic airway deformation kinematics.
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As a result, the required numerical modeling capability to predict
the drug delivery efficiency from G8 to alveoli with the influence of
disease-specific airway deformation kinematics is not available.
Specifically, although CFPD models have been extensively validated and widely used for decades to investigate particle-laden airflow
transport phenomena in human respiratory systems,4–10 only a few
studies simulated the transport and deposition using whole-lung models. This lack of study is mainly due to two reasons:
(1) Reconstruction of small airway geometries is difficult due to the
insufficient resolutions of medical images.11,12
(2) The computational cost would increase exponentially as the
deep lung region (up to alveoli) needs to be simulated.
Several recent studies were carried out to address these limitations by developing whole-lung models.13–24 Existing whole-lung
research efforts include: (1) using trumpet geometry or other simplified one-dimensional (1D) or two-dimensional (2D) pipelines to represent the whole tracheobronchial (TB) tree15,17–22,24,25 and (2)
extending 3D upper airways to deep lungs and conducting CFD studies by truncating airways and applying advanced coupled boundary
conditions.13,14,16,23,25–27 Specifically, Kolanjiyil and Kleinstreuer20
developed a whole-lung airway model by combining a basic 3D
mouth-to-trachea geometry with an exponentially expanding 1D conduit structure (3D-1D model), i.e., the trumpet model, as a computationally efficient but simplified whole-lung model. Multiple
inhalation–exhalation profiles were achieved in the trumpet model by
controlling the displacement of the bottom wall of the trumpet, which
represents the motion of the diaphragm. Poorbahrami et al.15 established a whole-lung model to estimate age-dependent particle dosimetry by coupling a CFD upper airway model with an adapted 1D-based
trumpet model. In the 1D region, the diffusion and advection terms
were used to consider the distal airway branching structure and
inhaled air convection effect, respectively. Such a model enables the
prediction of regional particle fate in the lungs by using a multidomain method. There are also other whole-lung modeling efforts,
which simplified small airways using 1D pipelines or 2D in-plane airway models instead of 3D geometries.20,24 Although such 3D-1D or
3D-2D models require relatively low computational cost, the oversimplified peripheral lung geometry (i.e., from a specific generation to
alveoli) disables the accurate prediction of air-particle flow dynamics
in physiologically realistic computational airway domains. To address
such deficiencies, static truncated whole-lung modeling strategies have
been developed, which maintains the key anatomical features of the
human respiratory systems as well as the optimized computational
efficiencies. Specifically, Longest et al.16,28 extended mouth-to-throat
models to lobar bronchi coupled with Stochastic Individual Path (SIP)
approximations of bronchioles to predict the deposition of aerosol
emitted from the dry powder inhaler. Koullapis et al.14 constructed a
3D deep lung model covering the 15 most distal lung generations to
study the airflow patterns at quiet/deep breathing and the gravity effect
on regional deposition. However, all the SIP models mentioned above
neglected the airway deformation kinematics. The most recent SIPtype whole-lung model was developed by Si et al.27 simulated the
expansion and contraction movement of the alveoli simultaneously
with the transport of the inhaled virus-laden droplets, which still did
not integrate the airway deformation from the trachea to G17 or the
glottis.
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Although there are whole-lung modeling strategies summarized
above, the “static” airway assumption limits the physiological realism
of those existing whole-lung models and disables the disease-specific
air-particle flow dynamics predictions. Specifically, lung diseases can
alter lung deformation kinematics. Losses of lung expansion and contraction capability are commonly diagnosed in multiple obstructive
lung diseases such as chronic obstructive pulmonary disease
(COPD)29,30 and emphysema.31 Such loss can significantly limit the
delivery of inhaled therapeutic particles in nanoscale and microscale to
distal airways as the designated sites for treatment.32 As a result,
although most previous numerical studies provided reasonable simplified methods for studying the air-particle transport phenomena in the
lung by neglecting the physiologically realistic airway deformation, it is
necessary to recover the anisotropic airway deformation kinematics in
numerical study to pave the way to the next-generation virtual lung
model which can reflect more physiologically realistic and diseasespecific lung conditions. Therefore, recovering the real-time diseasespecific anisotropic lung deformation in a whole-lung model from
mouth to alveoli is necessary to reflect the physiologically realistic disease lung conditions and its effect on the inhaled particle transport
and deposition. Research efforts have been made to address the modeling deficiencies by developing models to capture the deformation in
certain regions,13,30,33–46 i.e., alveolar movement, bronchioles movement, trachea-to-bronchi movement, and uvula motion. There are still
no whole-lung models that can integrate the deformation kinematics
of both the glottis and the TB tree, including the alveoli, to describe
the physiologically realistic and disease-specific airway motions. Such
modeling deficiency leads to two key fundamental questions unanswered in pulmonary air-particle flow dynamics:
(1) What is the role of disease-specific airway deformation kinematics on pulmonary air-particle flow dynamics and particle
deposition mechanisms?
(2) How to enhance the particle delivery efficiency to G8-to-alveoli
regions by modulating particle size, with the influence of the
disease-specific airway deformation kinematics?
To fill the knowledge gaps and address the modeling deficiencies
mentioned above, this study has developed an elastic truncated wholelung (TWL) model to simulate the inhaled particle transport simulation simultaneously with the transient anisotropic airway expansion
and contraction in the entire tracheobronchial (TB) tree as well as the
glottis motion. Novel contributions of the elastic TWL model include
the following:
(1) The capability of modeling the anisotropic disease-specific airway deformation kinematics.
(2) The inclusion of five 3D airway paths representing 5 lung lobes.
(3) The integration of the elastic heterogeneous alveoli model.50
Using the elastic TWL model, three disease-specific airway deformation kinematics representing healthy lung and diseased lung at two
different COPD stages are investigated in this study,47 i.e., GOLD I—
mild and GOLD III—severe, were calibrated and simulated. The
impacts of particle size and disease-specific airway deformations were
investigated on the pulmonary airflow patterns and the resultant particle transport and deposition. Particle sizes of 0.1, 0.2, 0.5, 1.0, 2.0, 5.0,
and 10.0 lm were modeled, representing the particle size range of
aerosolized drug particles for inhalation therapy.48 The objective of
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this study is to (1) quantify how the changes in real-time airway
deformation kinematics alter the pulmonary airflow features (i.e.,
laminar-to-turbulence transition and relaminarization) and particle
distribution, thereby influencing the particle trajectories and deposition sites in the lung and (2) evaluate the modulated particle size to
overcome the significant drug loss due to the upper airway deposition
caused by turbulence dispersion, inertial impaction, and an interception with the moving airway boundaries, thereby enhancing the particle delivery efficiency to distal airways that have undergone the loss of
lung expansion and contraction capability.
II. METHODS
A. Geometry and mesh
Anatomical features of airway bifurcations are crucial because
the branching pattern plays a major role in determining airflow and
particle deposition. To reconstruct the airways tree following a similar
SIP modeling strategy,14,26 this study assumes that the airway branch
follows the rules of regular dichotomy48 after generation 3 (G3) to
G17. Regular dichotomy means that each branch of a treelike structure
gives rise to two daughter branches of identical dimensions. With such
simplification, the truncated whole-lung modeling strategy26–28 can be
a feasible method to reduce the computational cost for the lung aerosol
dynamics simulations from mouth/nose to alveoli without sacrificing
computational accuracy.
Accordingly, the newly established elastic truncated whole-lung
(TWL) model, which is a multi-path whole-lung model, consists of
four sections: (1) mouth-to-throat (MT), (2) upper tracheobronchial
(UTB) airways extending through G1 (second bifurcations), (3) five
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lower tracheobronchial (LTB) airways up to G16, representing the
unsymmetrical 5-lobe human pulmonary routes, and (4) the heterogeneous acinus (see Figs. 1 and 2). Specifically, the first three sections
represent the conductive airway zone extending from the mouth to the
lowest bronchioles right before the start of the alveolar region. The
MT and UTB geometries were created based on the realistic airway
model of the human upper airway4 constructed from the computerized tomography (CT) data of a healthy adult.49 The LTB geometry
was constructed using SolidWorks (Dassault Systemes SolidWorks
Corporation, Waltham, MA), with the symmetry assumption that the
branching angles (/n ) are the same in the bifurcations at the same
generation. Figure 1 shows the schematic outline of the construction
of the symmetric path model of the airway. The dimensions of the
bronchi, i.e., airway radius (Rn ), straight segment length (Lt n ), and
branching angle (/n ), are based on the data from ICRP.51 The radius
of the carinal ridge (rn ) is assumed to be equal to 0:5Rn :23 Each bifurcation was created in a different plane with an inclination angle (wn ),
as indicated by the Gn plane and Gnþ1 plane as shown in Fig. 1. The
range of wn is from 30 to 65 ,51 and was determined by a series of
random numbers generated in the same range. It is worth mentioning
that the LTB geometry can be fully defined with parameters Rn , Lt n ,
/n , rn , and wn . Table I lists all the parameters used for the LTB airway
geometry generation.
The total branch length (Ln ) is defined as the sum of three
lengths [see Eq. (1)], i.e., the length of a segment contained in the
daughter portion of the previous bifurcation (la n ), a straight length of
the generation n (Lt n ), and the length of a segment contained in the
parent portion of the successive bifurcation (lp n )23 (see Fig. 1). The
total branch length Ln of the generation n (Gn ) can be expressed as

FIG. 1. Schematic diagram of the whole-lung airway geometry and construction of the truncated symmetric LTB geometry at Gn .
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FIG. 2. Schematic diagram of the elastic TWL model with the reconstructed heterogeneous acinar model: (a) whole-lung geometry, (b) truncated small airway and alveoli
structure, (c) acinus geometry, (d) airflow passages inside the acinus geometry, (e) small airway geometry and mesh (left lower lobe G11-alveoli), (f) enlarged airway outlet
showing the hexahedral prism layers, and (g) alveoli structure with mesh.

Ln ¼ la

n

þ Lt

n

þ lp n ;

(1)

where
lp

n

la

n

En =cos/n  ðEn  Rn þ Rnþ1 Þ
;
sin/n
En1 ð1  cos/n1 Þ þ ðRn1  Rn Þ
¼
cos/n1 :
sin/n1
¼ En tan/n 

(2)
(3)

Based on the symmetry assumption, the geometry of the LTB
was reduced by truncating one of the daughter branches of each
bifurcation in the model to reduce computational cost. The airflow
pressure at the truncated plane is paired with the pressure of the
cross-sectional plane at the corresponding location of the paring
daughter branch.
The acinus model was created based on the algorithm developed
by Koshiyama and Wada.52 An illustration of the acinus structure and
its dimensions are shown in Fig. 2. Specifically, the average volume of
the five acini (one for each lobe) is 6.2  10−9 m3, which is the residual
volume (RV). The acinar geometry contains 406 alveoli with a mean
generation of 6.7 (see Table II).
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As shown in Fig. 2, The tetrahedral mesh with six near-wall hexahedral prism layers was generated using Ansys Fluent Meshing 2020
R2 (Ansys Inc., Canonsburg, PA). Mesh independence test was performed to find the mesh with the best balance between computational
accuracy and time [see the supplementary online material (SOM) for
more details]. The final mesh has 31 867 870 cells, and the minimum
orthogonal quality is 0.12.
B. Generalized airway deformation function
The airway deformation kinematics in a full inhalationexhalation breathing cycle is shown in Fig. 3, which includes the
expansion-contraction motion of the TB tree and the glottis motion.
In this study, dynamic mesh method was employed to describe the
temporal and spatial nodal displacements of the computational
domain, achieved using in-house C programs. The prescribed airway
deformation can be defined mathematically. Specifically, the airway
wall from trachea to G17 expands and contracts in all three directions
[i.e., head-foot (x), arm-arm (y), and back-front (z) directions] with
anisotropic deformation ratio x:y:z ¼ 1:0.375:153,54 [see Fig. 3(a)].
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TABLE I. Geometric characteristics of the human respiratory tract.50

Generation
Gn
2
3
4
5
6
7
8
9
10
11
12
13
14
15
16
17

Airway
radius
Rn
(mm)

Straight segment
length
Ltn
(mm)

Branching
angle
/n
( )

Radius of carinal
ridge
rn
(mm)

Inclination angle
wn
( )

En
(mm)

la n
(mm)

lpn
(mm)

Total branch length
Ln
(mm)

4.250
3.050
2.200
1.800
1.450
1.200
1.000
0.825
0.675
0.545
0.440
0.410
0.300
0.265
0.255
0.230

15.00
8.30
9.00
8.10
6.60
6.00
5.30
4.37
3.62
3.01
2.50
2.07
1.70
1.38
1.10
0.92

35
28
35
39
34
48
53
54
51
46
47
48
52
45
42
50


1.525
1.1
0.9
0.725
0.6
0.5
0.4125
0.3375
0.2725
0.22
0.205
0.15
0.1325
0.1275
0.115


53
35.7
54.7
31.1
33.4
58.8
41.1
63.3
31.2
45.4
43.4
31.6
47.4
32


25.458
11.097
8.021
8.85
3.135
1.965
1.515
1.464
1.564
1.19
1.183
0.545
0.875
1.078
0.576



8.604
4.713
3.334
3.225
1.621
1.130
0.899
0.820
0.789
0.615
0.554
0.352
0.397
0.425


3.791
2.017
2.205
2.080
1.059
0.729
0.556
0.505
0.483
0.374
0.486
0.126
0.313
0.399
0.236


18.791
18.921
15.918
13.514
10.884
8.350
6.986
5.774
4.923
4.173
3.602
2.750
2.365
2.176
1.761


The reduced deformation in y direction is due to the rib cage
restriction. Furthermore, the glottis region opens and closes only in
the y direction.3 To define the above-mentioned airway deformation
kinematics, a generalized function to prescribe the nodal displacements of the airway walls is given by

ft ðt n Þ  n1  n1
xi  xi;r ;
(4)
fs x i
n1
ft ðt Þ


dt;i
2pt n
ft ðt n Þ ¼ 1 þ
;
(5)
1  cos
2
Tc
8 

>
ðxin  xb Þpt n1
>
>
>
0:5
1

cos
>
>
xa  xb
 n < 
 for trachea ði ¼ 1Þ
;
fs xi ¼
xin  xa Þpt n1
ð
>
for trachea ði ¼ 2; 3Þ
0:5
1

cos
>
>
x

x
>
b
a
>
>
:
1 for other regions
xin ¼ xi;r þ

(6)
where xi ¼ ðx; y; zÞ is the coordinate of each node within the
dynamic region (excluding glottis), xi;r ¼ ðxr ; yr ; zr Þ is the reference
point, t n is the current time step, Tc is the time period of a full

TABLE II. Geometric details of the heterogeneous acinus model.

No. of alveoli
Min. generation
Max. generation
Mean generation
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406
3
11
6.7

breathing cycle, and dt;i are the deformation ratios of airways. To
achieve a smooth transition from the location where the expansion
and contraction starts at the trachea to the first bifurcation, fs ðxin Þ was
integrated into Eq. (4). fs ðxin Þ is defined by Eq. (6), in which xa and xb
are the x-coordinates defining the upper and lower boundaries of the
smooth transition region in trachea. For the TWL model used in this
study, xa ¼ 0:12 m and xb ¼ 0:18 m, where the center of mouth
opening locates at x ¼ 0 (see Fig. 1).
The glottis motion functions and corresponding numerical investigation results can be found in the previous publication.3 Specifically,
the glottis motion functions are expressed as


 
0
;
(7)
xin ¼ dg;r  1 fg xin1 g ðt n Þ þ xi;g
8
!
>
xn1  xg;a
>
 n  < sinm 1
p
xg;b  xg;a
for i ¼ 2;
fg xi ¼
(8)
>
>
: 0 for i ¼ 1 and 3
g ð t n Þ ¼ a0 þ

n h
X



i
ab cos bxt n1 þ bb sin bxt n1 ;

(9)

b¼1
0
where xi;g
is the initial coordinates of the node in the moving glottis
region, and dg;r is the deformation ratio of glottis between maximum
glottis width and the width of the glottis at the neutral position as
shown in Fig. 3(b). Similarly, xg;a ¼ 0:056 m and xg;b ¼ 0:076 m are
the x coordinates that define the boundaries of smooth transition in
the glottis region. In addition, the nodal displacement function g ðt n Þ is
a time-dependent Fourier series that controls the nodal motion separately. It is worth mentioning that g ðt n Þ is simplified as a single-term
sinusoidal function, which is employed to simulate the idealized glottis
motion in this study [see Fig. 3(b)].
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FIG. 3. The deformation kinematics of (a) the TB tree (the top images were reproduced from https://courses.lumenlearning.com/boundless-biology/chapter/breathing/) and (b)
glottis in a full inhalation-exhalation cycle69,70 (the top images were reproduced from https://www.vocalclinic.org/theprocessofspeakingandsinging.htm).

By adjusting the values of dt;i , the TWL model can simulate
disease-specific airway deformation kinematics representing a healthy
lung and lungs with multiple COPD conditions. The values of dt;i and
the corresponding lung conditions are listed in Table III. The calibration and validation of the airway deformation kinematics can be found
in Sec. III A.
C. Computational fluid-particle dynamics (CFPD)
model
CFPD models, especially the one-way coupled Euler–Lagrange
models, have been widely employed for modeling the airflow and
micro/nano particle transport and deposition in human respiratory
systems. The one-way coupled Euler–Lagrange based model employed
in this study used Ansys Fluent 2020 R2 (Ansys Inc., Canonsburg, PA)
enhanced with in-house user-defined functions (UDFs) in C/C++ to
predict the particle dynamics in the laminar-to-turbulence flow fields
inside the airways.

@ ðui  umov
Þ
i
¼ 0;
@xi
 @ui
@ui 
1 @p l @sij
¼
þ
þ gi ;
þ uj  umov
j
q @xi q @xj
@t
@xj
"
!
#
@ui @uj
2
@uk
þ
 ldij
:
sij ¼ l
3
@xj @xi
@xk

(10)
(11)
(12)

The convective velocity ui  umov
in Eq. (11) is induced by the
i
difference between the air velocity ui and the dynamic mesh velocity
umov
describing the airway deformation. umov
can be given by
i
i
¼ @xi =@t;
umov
i

(13)

where xi for the region from the trachea to alveoli (i.e., x1 > 0.12 m)
can be obtained from Eq. (4), and xi of the moving glottis region (i.e.,
0.056 m < x1 < 0.076 m) can be obtained from Eq. (7). The transitional characteristics of the pulmonary airflow are modeled using k-x
Shear Stress Transport (SST) model, which has been extensively validated in previous works.4,55,56

1. Continuous phase: pulmonary airflow

In this study, airflow is assumed to be isothermal and incompressible (q ¼ 1.204 kg/m3), with a dynamic viscosity l ¼ 1.825
 10−5 Pas. The continuity and Navier–Stokes (N–S) equations with
moving boundaries can be given by
TABLE III. Deformation ratio of airways for different lung conditions.

dt;i
Lung condition

0.4

0.36

0.2

Healthy

Mild COPD

Severe COPD
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2. Discrete phase: inhaled particle transport dynamics

The one-way coupled Euler–Lagrange approach has been widely
used and experimentally validated for pulmonary particle-laden airflow predictions.4,8,57 The governing equations for discrete particle
phase has been provided in previous publications.4,8,57 Particles are
assumed to be spheres with constant aerodynamic diameter. In this
study, particles with different diameters, i.e., dp ¼ 0.1, 0.2, 0.5, 1.0, 2.0,
5.0, and 10.0 lm, are investigated. The velocity and trajectory of every
single particle are calculated by solving Newton's second law, which
considers the drag force, gravitational force, random force induced by
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Brownian motion, and the force induced by turbulence dispersion.3,4
Furthermore, the regional deposition of particles in the airways can be
calculated by regional deposition fraction (DF), i.e.,
Mass of particles deposited in a specific region
:
DFspecific region¼
Mass of particles injected through the mouth opening
(14)
3. Boundary and initial conditions

The starting time and initial conditions of the airway model are
at the end of a previous inhalation–exhalation cycle, which mimics the
inhalation of aerosolized drug particles in real-world inhalation therapy scenarios. At the end of exhalation, the lung capacity is equal to
the residual volume defined in the pulmonary function test (PFT). The
pressure of the truncated branch outlet is coupled with the pressure of
the identical surface at its paired daughter branch (see Fig. 1). A full
breathing cycle of 2 s is simulated, including both inhalation and exhalation. The breathing profile at the mouth is determined only by the
lung deformation kinematics. Accordingly, for the elastic lung model,
the pressure-inlet boundary condition is specified at the mouth opening, where atmosphere pressure is assumed. A total of 50 000 particles
are released at the mouth from time t ¼ 0.2 to 0.25 s, which is aligned
with the duration of drug particle emissions from inhalers.58
Specifically, 10 000 particles are injected per 0.001 s. The initial velocity
of particle is set to 0 as the particles can be accelerated to the
flow velocity within the extending section at the mouth opening
[see Fig. 2(a)]. Particles are considered “deposited,” when the distance
between the center of the particle and the airway wall is less than the
particle radius.
D. Numerical setup
The numerical approach, i.e., the elastic TWL model used in this
study, is based on the in-house prescribed dynamic mesh method,
one-way coupled Euler–Lagrange method,3 and k-x Shear Stress
Transport (SST) model, which enables the predictions of anisotropic
airway deformation and air-particle flows in the whole-lung in tandem
where turbulent, transitional, and laminar flows coexist. To realize the
algorithm mentioned above, in-house UDFs were developed and compiled for the following:
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with 4 GB RAM per CPU core) enabled by Ansys Cloud Computing
COVID-19 HPC Consortium. The Semi-Implicit method for
pressure-linked equations (SIMPLE) algorithm was employed for the
pressure-velocity coupling, and the least squares cell-based scheme
was applied to calculate the cell gradient. The second-order scheme
was employed for pressure discretization. In addition, the secondorder upwind scheme was applied for the discretization of momentum
and turbulent kinetic energy. Convergence is defined for continuity,
momentum, and supplementary equations when residuals are lower
than 1.0  10−5. Depending on the particle size simulated and the
lung conditions, the computational time for completing one elastic
TWL case on OSU HPCC ranges between 118 and 152 h. The computational time for completing one static TWL case on OSU HPCC
ranges between 22 and 42 h.
III. MODEL CALIBRATION AND VALIDATION
A. Validation and calibration of the elastic TWL model
The elastic TWL model was first validated by comparing the total
lung volume change during a full breathing cycle predicted by the
numerical method with experimentally measured results from the literature47,59,60 (see Fig. 4). It should be noted that the initial lung volume equals residual volume (RV) (see Fig. 5 for the definition of RV).
Moreover, to calculate the whole lung volume of the elastic TWL
model, the acinus volume is multiplied by 215 (i.e., 15 generations were
truncated) to recover the total volume of a whole lung. The total lung
volume through breathing matches well with the data in the open literature. Thus, the generalized airway deformation function and the elastic TWL model [see Eqs. (4)–(6)] have been proved to be able to
capture the deformation kinematics of a real human respiratory
system.
To model the disease-specific airway deformation kinematics, the
elastic TWL model was calibrated by varying the values of dt;i [see Eq.
(5)]. Specifically, the values of dt;i are determined by matching the total
lung capacity (TLC) under two COPD conditions, i.e., mild and severe
COPD, as well as the TLC of a healthy lung. It should be noted that
lung RVs are assumed to be the same for healthy and diseased lungs.
Lung volumes under different health conditions, including one normal
healthy condition and three COPD conditions61 are given in Fig. 5(a).
Correspondingly, the lung volume changes calculated using the elastic
TWL model are given in Fig. 5(b). It is evident that the numerically

(1) specifying the airway deformation kinematics;
(2) specifying the coupled pressure boundary conditions at truncated branch outlets;
(3) recovering the anisotropic corrections on turbulence fluctuation
velocities;
(4) modeling the Brownian motion induced forces;
(5) storing particle deposition data.
The CFPD simulations were executed using Ansys Fluent 2020
R2 (Ansys Inc., Canonsburg, PA) and performed on a local Dell
R
R
Precision T7910 workstation (IntelV XeonV Processor E5–2683 v4
with dual processors, 32 cores, and 256 GB RAM), the supercomputer
“Pete” at the High Performance Computing Center (HPCC) at
R
R
Oklahoma State University (OSU) (IntelV XeonV Processor Gold
6130 CPU with dual processors, 32 cores, 64 threads, and 96 GB
RAM), and Microsoft Azure (120 AMD EPYC 7V12 processor cores
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FIG. 4. Validation of the elastic TWL model: comparison of the total lung volume of
the elastic TWL model and experimentally measured data.47,59,60
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FIG. 5. Calibrations of the lung volume change predictions using the elastic TWL model via matching pulmonary function test (PFT) data61 for different lung disease conditions:
(a) PFT data of lung volume changes under different health conditions, including one healthy condition and three COPD stages,61 (b) lung volume changes predicted using the
elastic TWL model, and (c) the breathing profile at the mouth opening induced by the lung volume change.

predicted TLC under different lung conditions matches very well with
the clinical data from the literature.61 The value of dt;i for different
lung conditions is given in Table III.
B. CFPD model validation
The k-x SST model has been extensively validated and employed
in previous research to resolve the flow field based on its ability to predict pressure drop, velocity profiles accurately, and shear stress for
both transitional and turbulent flows.4,55,56 Specifically, the representative Reynolds number (Re) and turbulence kinetic energy (TKE) at the
peak of inhalation (t ¼ 0.5 s) in multiple generations in this study are
listed in Table IV. It can be observed that at the peak inhalation, the
airflow is turbulence from mouth to G5, and the flow relaminarization
happens after G5. Therefore, during the full inhalation-exhalation
cycle, the airflow is mainly laminar-to-turbulence transitional flow in
the mouth-to-G5 region, and laminar in the G5-to-alveoli region. The
one-way coupled Euler–Lagrange method was also well-proved with
in vitro and in vivo data in the previous research for accurate predictions of the aerosol dynamics in human respiratory systems.4,16,62,63
In this study, the particle deposition fraction (DF) predicted
using the static TWL model at a steady inhalation flow rate of 30 l/min
was compared with both numerically predicted and experimentally
measured data from open literature.16,64 Table V compares the total
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DF of particles with dp ¼ 1.0, 2.0, and 5.0 lm. In general, the total DF
either predicted by numerical methods or measured experimentally
follows the same trend as dp increases from 1.0 to 5.0 lm. It can be
noticed that the static TWL model predicts slightly lower total DF for
all three sizes of particles tested compared with literature data. This

TABLE IV. Typical Reynolds numbers (Re) and turbulence kinetic energy (TKE) at
different locations of the airway at the peak inhalation (t ¼ 0.5 s).

Normal

Oral cavity
Vocal folds
G0
G2
G3
G5
G6
G7
G17

Severe

Re

TKE

Re

TKE

6.68  103
1.44  104
1.07  104
4.95  103
3.74  103
1.31  103
8.97  102
5.78  102
3.53  103

2.16  10−1
1.78  10
1.65  10
2.32  10
1.29  10
4.49  10−1
3.11  10−1
2.05  10−1
1.0  10−14

4.51  103
9.90  103
7.32  103
3.40  103
2.49  103
8.34  102
5.86  102
3.81  102
1.43  10

8.72  10−2
7.82  101
8.44  101
1.15  10
5.46  10−1
1.50  10−1
1.02  10−1
5.20  10−2
1.0  10−14
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TABLE V. Total lung deposition fraction (DF) comparison with benchmark deposition
data in open literature.16,64

dp (lm)
1.0
2.0
5.0

Static TWL

Longest et al.16

Stahlhofen et al.64

17.5%
38.4%
71.5%

32.8%
44.2%
75.4%

24.2%
45.3%.
81.0%

difference in total DF could be related to the different airway structures
used in the three studies.
IV. RESULTS AND DISCUSSION
A. Airflow characteristics: static TWL vs elastic TWL
The pulmonary airflow features (i.e., laminar-to-turbulence transition and relaminarization) are investigated. Specifically, the representative Reynolds number (Re) and turbulence kinetic energy (TKE) at
peak inhalation at different generations in the whole-lung model are
listed in Table IV. It can be noted that at peak inhalation (t ¼ 0.5 s),
the airflow in the upper airway (above G5) is mainly turbulence
although the TKE in the oral cavity is low. The flow fluctuation
increases in the glottis regions with the laryngeal jet extended into G3.
It can be observed from Table IV that TKE increases from G0 to G2,
which can be due to the reduced hydraulic diameter. After airflow
passes G5, relaminarization starts. Re decreases gradually from G5 to
alveoli. Re is less than 2 at G17. In addition, healthy lung deformation

scitation.org/journal/phf

kinematics resulted in higher Re and TKE than severe COPD lung at
all monitoring locations selected from mouth to alveoli.
To evaluate the significance of airway deformation on pulmonary
airflow characteristics and determine the necessity to employ the elastic TWL model, the pulmonary airflow fields predicted by static TWL
and elastic TWL models are compared. The widely used static lung
modeling framework has two major differences compared with the
elastic TWL model:
(1) The static lung modeling framework uses velocity mouth/nose
inlet condition instead of realistic pressure boundary conditions
due to the absence of the acinus structure in the static lung
model.
(2) The static lung modeling framework neglects glottis and TB
tree deformation kinematics.
To compare the airflow fields, one full breathing cycle was simulated for three lung conditions, i.e., normal, mild COPD, and severe
COPD, using the elastic TWL model. The static TWL model was also
employed to predict the airflow structure for those three lung conditions, with sinusoidal breathing mass flow rate waveforms applied at
the mouth opening. The sinusoidal waveform functions providing the
equivalent lung volume changes, which were obtained from the elastic
TWL simulation results to minimize the influence of potential boundary condition differences between static and elastic TWL models. The
comparisons of inspiratory airflow structures at the sagittal plane are
*
~ is nondimensionalgiven in Figs. 6 and 7. The normalized velocity V
ized using the averaged velocity at mouth opening at the peak

FIG. 6. Normalized velocity magnitude contour at the sagittal plane (y ¼ 0): (a) static model with normal healthy condition, (b) static model with mild COPD, (c) static model
with severe COPD, (d) elastic model with the normal healthy condition, (e) elastic model with mild COPD condition, and (f) elastic model with severe COPD condition.
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FIG. 7. Normalized velocity magnitude contour and tangential velocity vector on selected slices at t¼14 Tc for cases: (a) static model with normal healthy condition, (b) static
model with mild COPD, (c) static model with severe COPD, (d) elastic model with normal healthy condition, (e) elastic model with mild COPD, and (f) elastic model with severe
COPD.

inhalation flow rate (t ¼ 14 Tc ). Since the inhaled particle transport
and deposition are dominantly influenced by the inspiratory airflow,
Fig. 6 shows the normalized velocity contour at the sagittal plane
(y ¼ 0) at t ¼ 18 Tc and t ¼ 14 Tc . It can be observed that the airflow pattern during inhalation changes significantly as the flow rate reaches its
peak value. The mouth jet and laryngeal jet become much stronger at t
¼ 14 Tc than t ¼ 18 Tc . All six cases show a similar inspiratory airflow
structure, except that the elastic TWL model predicts relatively weaker
laryngeal jets extended from the glottis than the static TWL model for
all three lung conditions. Such differences are mainly due to the wider
glottis openings in elastic TWL simulations than the static TWL simulations. In addition, the elastic TWL model predicts weaker convection
in the oropharynx for severe COPD conditions [see Fig. 6(f)] compared with normal and mild COPD conditions [see Figs. 6(d) and
6(e)], which is due to the decreases in TB tree expansion amplitude
with the increase in the COPD severity (see Fig. 5).
To further visualize the lung deformation effect
on airflow pat*
terns in MT, trachea, and G1-to-G3 regions,  V contours and tangential velocity vector distributions on selected cross sections (i.e., AA0
to EE0 ) at the peak inhalation flow rate (t ¼ 14 Tc ) are given in Fig. 7.
Specifically, the flow structures shown in AA0 are similar for all six
cases, with no evident differences in secondary flows. This indicates
that during the inhalation, the glottis motion and TB expansion have
minor effect on the airflow patterns in the oropharynx since viscous
dissipation effect on the airflow patterns. At BB0 where is the glottis,
one can notice the glottis expansion in elastic TWL model cases [see
Figs. 7(d)–7(f)]. As a result of the glottis expansion, differences in airflow patterns can be observed at BB' between static and elastic TWL
simulation results. For normal conditions [see Figs. 7(a) and 7(d)],
although both static and elastic TWL simulations predict counterclockwise in-plane recirculation near the center of BB0 , the vortices
locate more to the left in the elastic TWL simulation than the static
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TWL simulation. Also, the secondary flow
has different directions on
*
~ at CC0 and DD0 shows the
the top left corner of BB0 . In addition, V
skewed velocity distributions induced by the laryngeal jets in the trachea. It can be seen from CC0 that two counter-rotating vortices are
formed at the center of CC0 in the static TWL model, while only one
counterclockwise vortex can be observed in the elastic TWL model.
The reason for such differences is determined by whether the glottis
and trachea expansion are included or neglected in the TWL model.
Explicitly, the vocal fold and trachea expand during inhalation [see
Fig. 3(b)]. Thus, compared with the elastic TWL model, the static
TWL case predicts higher flow velocity at the throat-to-trachea region
and higher intensity of laryngeal jet impact, hence possibly higher
shear velocity, which leads to two vortices at CC0 . In contrast, only one
counterclockwise vortex is preserved at CC0 in the elastic TWL case
due to the larger cross-sectional
area induced weaker secondary flow
*
~ contour at CC0 shows that the static TWL
intensities. Moreover, V
*
~ at the anterior of the trachea (i.e., bottom of
model predicts higher V
CC0 ) for normal and mild COPD conditions than the other cases. In
slice DD0 , the counterclockwise secondary flow existing upstream is
diminished and challenging to be observed. As the flow enters the first
bifurcation (i.e., EE0 ), airflow structures between static and elastic
TWL models are highly different. For the static TWL model, vortices
can be found on both left and right sides in EE0 . However, in the elastic
TWL model, the vortices shift to the top-right and bottom left of slice
EE0 . After the third bifurcation (i.e., FF0 ), the airflow structure is
affected by lung deformation kinematics and the inhalation flow rate
(lung conditions). Specifically, at FF0 , although Dean's flows can be
observed in all cases, the predicted location and number of the vortices
differ between static and elastic TWL models. Thus, it can be concluded that the neglected airway deformation kinematics has a minor
influence on the inspiratory airflow fields from mouth to AA0 . In contrast, the effect of lung deformation kinematics on airflow structure
becomes manifest from BB0 to FF0 , which represents the glottis to G3.
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Furthermore, it can also be concluded that the lung disease condition
induced difference in airway deformation kinematics can lead to different pulmonary airflow patterns from the glottis to G3 and possibly
further downstream. This indicates the necessity to model airway
motions on a disease-specific level.
B. Effect of airway deformation kinematics on particle
transport and deposition patterns
To further investigate how the neglected airway deformation
kinematics can influence the predictions of lung aerosol dynamics, the
transport and deposition of particles with different diameters (i.e., dp
¼ 0.1, 0.2, 0.5, 1.0, 2.0, 5.0, and 10.0 lm) in the TWL model are investigated individually under the above-mentioned three lung conditions
(see Table III). As an example, deposition distributions of particles
with dp ¼ 0.1, 1.0, and 10.0 lm in both the static and elastic TWL
models after one full inhalation-exhalation breathing cycle are visualized in Figs. 8(a)–8(f). For all the cases shown in Figs. 8(a)–8(f), concentrated particle depositions occur in the throat, the main bronchus,
and the first three bifurcations. However, the differences in particle
deposition distributions predicted by static and elastic TWL models
are significant. Specifically, at the normal lung condition [see Figs. 8(a)
and 8(d)], particles are more likely to be entrapped in the trachea of
the static TWL model compared with the elastic TWL model.
Previous research demonstrates that Brownian motion induced force
has a strong impact on the transport and deposition of small particles
(dp < 0.5 lm), while the inertia impaction on small particle depositions (e.g., dp < 0.5 lm) is negligible. This explains the deposition of
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0.1-lm particles in the trachea for the static TWL model. In contrast,
with the trachea expansion during the inhalation, 0.1-lm particles had
less chance to touch the airway wall in elastic TWL simulations compared with the static TWL simulations. Additionally, the static TWL
model also predicted a significantly higher deposition in the trachea
for 1.0 lm particles than the elastic TWL model [see Figs. 8(a) and 8
(d)]. The deposition differences in the trachea between static and elastic TWL models are also partially due to the different intensities of the
secondary flow observed in Fig. 7(a) at BB0 and CC0 . Specifically, in
the elastic TWL model, the wider glottis opening during inhalation
induced weaker laryngeal jet impaction in the trachea, which creates
the difference in airflow patterns in the trachea and contribute to the
deposition differences between the static and elastic TWL models. For
the deposition distributions of 10-lm particles shown in Figs. 8(a) and
8(d), another interesting observation is the “delayed” particle deposition in elastic TWL simulations than static TWL simulations.
Specifically, although a lower deposition concentration of 10.0 lm particles in the trachea is observed in the elastic TWL model than the
static TWL model, the deposition concentration is higher in the first
two bifurcations of right lobes in the elastic TWL model. This is due to
the fact that the TB airway wall expansion reduces the chances for particles to touch the airway wall and delays the deposition of particles
more to the downstream airways. The static TWL model predicts
much higher deposition concentration in MT of large particles
(dp ¼ 10 lm) than elastic TWL model. This observation agrees with
the findings of the authors' previous research on the effect of glottis
motion on particle transport and deposition in an upper airway
model.3 Similar comparisons between elastic and static TWL

FIG. 8. Lung deposition distributions of particles with multiple diameters (dp ¼ 0.1, 1.0, and 10 lm): (a) static model with the normal healthy condition, (b) static model with
mild COPD, (c) static model with severe COPD, (d) elastic model with the normal healthy condition, (e) elastic model with mild COPD, and (f) elastic model with severe COPD.
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simulation results can be observed for mild and severe COPD conditions shown in Figs. 8(b), 8(c), 8(e), and 8(f). The effects of disease
conditions on inhaled particle transport and deposition are further discussed in Secs. IV C–IV E.
C. Effect of airway deformation and disease
conditions on total DFs
The effect of lung deformation on particle deposition is also analyzed by comparing the total deposition fractions (DFs) of particles with
dp ranging from 0.1 to 10 lm under different lung health conditions
(see Fig. 9). In general, it can be observed from Fig. 9 that both static
and elastic TWL models are able to predict the classic “U-curve” total
DF as a function of dp . This is demonstrated extensively in previous
research.4,16 For lungs under normal condition, the static TWL model
predicts 13.4% higher total DF of particles with dp ¼ 0.1 lm than the
elastic TWL model. For particle size ranging from 0.2 to 2.0 lm, the
total DF differences predicted by the static and elastic TWL models are
relatively small which are approximately 7%. However, as particle size
increases to 5.0 and 10.0 lm, the static TWL model predicts 16.9% and
13.1% less total DFs than the elastic model, respectively. For the mild
COPD condition, the difference in total DF predicted by static and elastic TWL models is not obvious. Specifically, the highest difference is
5.1% as the elastic TWL model generates a higher total DF for particles
with dp ¼ 0.2 lm than the static model. For the severe COPD condition, both static and elastic TWL models predict similar total DF for
small (dp ¼ 0.1 and 0.2 lm) and large (dp ¼ 10 lm) particles. However,
for particles with dp between 0.5 and 5 lm, the static TWL model gives
lower total DFs than the elastic TWL model. Especially for dp ¼ 2 lm,
the static model predicts 16% lower total DF than the elastic model. It
can be concluded that a static TWL model can be used instead of the
more physiologically realistic elastic TWL model for predicting the total
DF of particles (0.1 < dp < 10 lm) for airways under mild COPD condition only. For other lung health conditions, the more physiologically
realistic TWL model should be employed to more accurately reflect the
airway deformation effect on particle transport and deposition.
D. Effect of airway deformation kinematics
on regional DFs
To better understand the effect of airway deformation kinematics
on particle dynamics in the respiratory system, regional DFs predicted

FIG. 9. Total deposition fractions (DFs) of particles in whole lung with diameters
ranging from 0.1 to 10 lm under different lung health conditions.
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by static and elastic TWL models are visualized and compared [see
Figs. 10(a)–10(g)]. Explicitly, for particles with 0.1 lm  dp  5 lm
[see Figs. 10(a)–10(f)], regardless of the lung conditions (i.e., normal,
mild or severe), static TWL model predicts higher regional DFs in the
TB tree (from MT to G7) while it predicts lower regional DFs in lower
airways (G8 to acinus) than the elastic TWL model. The higher
regional DF predictions using the static TWL model are due to the
neglected airway expansions during the inhalation. As discussed in
Sec. IV B, the expansions of glottis opening and the TB tree in the elastic TWL model can reduce the chance for particles to touch the airway
wall, with the reduced intensity of the laryngeal jet impact in the trachea, thereby reducing the deposition due to the direct impaction and
the afterward splash induced dispersion, especially for small particles
(dp ¼ 0.1 lm). However, with the static airway, the Brownian motion
effect increases the deposition possibility for small particles. This also
explains the overprediction of the static TWL model on total DF of
particles with dp ¼ 0.1 lm (see Fig. 9). In contrast, the lower regional
DF predictions from G8 to acinus using the static TWL model can be
also due to the reduced particle interceptions in small airways resulted
from the reduced secondary airflow intensities because of the negligence of the airway deformation. Specifically, interception is the dominant mechanism for particle depositions in small airways.
Physiologically realistic airway deformations can enhance the localized
secondary flows, thereby increasing the particle interceptions with the
airway wall in the elastic TWL simulations than static TWL
simulations.
For particles with dp ¼ 10 lm, inertial impaction and gravitational sedimentations dominate their transport and deposition in the
airways.4,16 Similar to smaller particles, the simulation results show
that the static TWL model predicts higher regional DFs of 10-lm particles in the upper airway (i.e., MT and glottis) than the elastic TWL
model [see Fig. 10(g)]. Especially in MT, the static TWL case for
healthy lung condition predicts DFMT ¼ 47.8% in contrast to DFMT
¼ 1.8% predicted by the elastic TWL case. The difference indicates
that the effects of the reduced secondary flow and laryngeal jet
impact induced by the glottis expansion decrease 10-lm particles
deposition in MT and glottis. Furthermore, the regional DFs in
UTB and lower airways predicted by the static TWL model is much
lower than the elastic TWL model. For the static TWL model, most
10-lm particles deposited due to inertial impaction before reaching
the main bronchi, and the rest particles either suspended in the airway or exhaled. For the elastic TWL model, as 10-lm particles
enter the G1–G7 and G8-to–acinus regions, both inertial impaction
and airway deformation induced secondary flow increase the
chance of particle interceptions with the airways, which leads to
higher DF in the G1–G7 and G8-to-acinus regions compared with
the static TWL model. In addition, the static model predicts no
deposition of large particles (dp ¼ 10 lm) after G8, while the elastic
model shows that the DF of that particles is about 18.6% for a normal lung condition. In conclusion, static model overpredicts the DF
in upper airways (from MT to UTB) and G1 to G7 and underpredicts the DF in lower airways (G8-acinus) for particles with 0.1 lm
 dp  5 lm than elastic TWL models. For large particles (dp
¼ 10 lm), the only difference is that static model also underpredicts
the DF in G1–G7. Therefore, to accurately evaluate the targeted
delivery efficiency of inhaled drug particles, airway deformation
kinematics should be considered in the simulations.
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FIG. 10. Comparisons of regional DF predictions via static TWL model and elastic TWL model under three lung health conditions for particles with different diameters: (a) dp
¼ 0.1, (b) dp ¼ 0.2 (c) dp ¼ 0.5, (d) dp ¼ 1.0, (e) dp ¼ 2.0, (f) dp ¼ 5.0, and (g) dp ¼ 10 lm.
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With the insight into regional DF, it is possible to explain the differences in total DF predicted by static and elastic models for different
lung conditions. For example, although the difference in total DF
between static and elastic TWL models is negligible in mild COPD
(see Fig. 9), noticeable difference exists between the regional DFs predicted by static and elastic TWL models. Specifically, for mild COPD
condition, the static TWL model predicted higher DFMT-G7 for particles with 0.1 lm  dp  5 lm [see Figs. 10(a)–10(f)]. However, the
higher DFMT-G7 is balanced by lower DFG8-acinus. For severe COPD
condition, since the same deformation kinematics was prescribed for
the conducting airways (trachea to G17), the effect of secondary flow
induced by airway deformation on the particle interceptions with airway wall is stronger than the effect in mild COPD condition (higher
flow rate compared to severe COPD case). This higher intensity of secondary flow in the TB tree leads to higher regional DF in both G1–G7
and G8-acinus regions in the elastic TWL model under severe COPD
condition than static case. Thus, the balance existed in total DF
between static and elastic cases for mild COPD condition is broken
under severe COPD condition as the elastic TWL model predicts
higher total DF than the static TWL model for particles with 0.1 lm
 dp  5 lm. For normal COPD case, the difference in total DF is
obvious for small particles (dp ¼ 0.1 lm) and large particles (dp ¼ 5
and 10 lm). Specifically, for the normal lung condition, static model
predicts higher total DF for small particles (dp ¼ 0.1 lm) compared
with elastic case mainly because of the Brownian motion effect in
G1–G7 region, while the Brownian motion induced deposition is
reduced in the elastic TWL model due to airway expansion. For large
particles (dp ¼ 5 and 10 lm), it seems that although the inertia
induced deposition in MT is reduced in the elastic TWL case, it predicts much higher DFG8-acinus resulted from the inertia and higher
intensity due to the airway deformation induced secondary flow compared with the static TWL case, which leads to the higher total DF in
elastic cases for normal COPD case than the static TWL case.
E. Effect of COPD disease condition on regional
deposition fraction
To enhance the delivery dosage of the drugs to the designated
lung sites and the treatment effectiveness, the effect of disease-specific
airway deformation on regional DF is predicted using the elastic TWL
model shown in Figs. 11(a)–11(c), with the focus on the DF in the
region from G8 to acinus (DFG8-acinus). For all three lung conditions,
the DFs of particles with 0.1 dp  10 lm in MT are less than 1%.
Moreover, particles with dp ¼ 5 lm have the highest DFG8-acinus. With
the increase in particle size, the DFG8-acinus first decreases (until dp
¼ 0.5 lm) and then increases (until dp ¼ 5 lm). In addition,
DFG8-acinus of 5 lm particles is higher than the DFG8-acinus of 10 lm
particles. A similar DFG8-acinus vs dp trend was predicted in the previous research investigating the deep lung simulation.14 For the normal
lung condition [see Fig. 11(a)], DFG8-acinus of particles with dp
¼ 0.1 lm is 17.1%. For particle size in 0.2  dp  2 lm, the DFG8-acinus
is approximately 6%. However, DFG8-acinus increases dramatically to
54.6% for particles with dp ¼ 5 lm. A similar trend can be observed
for mild and severe COPD conditions [see Figs. 11(b) and 11(c)]
although for the severe COPD condition as shown in Fig. 11(c), the
highest DFG8-acinus is only 30.4% (when dp ¼ 5 lm). It can be observed
that, with the exacerbation in COPD disease condition, i.e., from
healthy to severe COPD, the highest delivery efficiency of the inhaled
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FIG. 11. Comparison of regional DFs predicted via elastic TWL model under different lung disease conditions: (a) normal healthy, (b) mild COPD, and (c) severe
COPD.
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drug particles decreases which indicates that delivering aerosolized
medications to small airways to treat COPD is more challenging for
patients with severe disease condition. Such a phenomenon is due to
the lack of airway expansion and contraction capability, which results
in the additional difficulty to draw the inhaled particles into the deeper
airway region. Considering that better treatment for COPD can be
achieved as higher drug dosage is delivered into deep airways (after
G8), both small (e.g., dp ¼ 0.1 lm) and large particles (e.g., dp ¼ 5 and
10 lm) are favored.
V. CONCLUSIONS
This study developed an innovative elastic truncated whole-lung
(TWL) model, covering the entire conductive and respiratory zones of
the human pulmonary system, including alveoli, with calibrated airway deformation kinematics for different COPD disease conditions
(please see the animation shown in Fig. 12 (Multimedia view) showing
particle transport and deposition in the elastic TWL model). The effect
of disease-specific airway deformation kinematics on pulmonary airparticle transport dynamics and deposition has been quantified. The
results of the delivery efficacy calculated through numerical simulation
will assist the determination and optimization of the drug delivery
strategy and particle engineering process. The following conclusions
can be drawn from the results of the elastic TWL model simulations:
(1) The airway deformation has an apparent influence on the airflow structure in the respiratory system from the glottis to the
trachea for the three lung conditions investigated in this work.
The effect of airway deformation on airflow structure becomes
more evident after the main bronchus.
(2) With increasing particle size from 0.1 to 10 lm, both static and
elastic models predict parabolic curves for total DF. However,
the regional DFs predicted by static and the elastic whole-lung
models are different as higher DF (particle size in 0.1 lm
 dp  10 lm) in lower airways is observed in the results from
the elastic truncated whole-lung model.
(3) With the exacerbation in COPD disease condition, the highest
delivery efficiency of the inhaled drug particles decreases which
indicates that delivering aerosolized medications to small
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airways to treat COPD is more challenging for patients with
severe disease condition.
(4) For the particle sizes investigated in this work, dp ¼ 5 lm is recommended as the optimal size of drug particle for all three lung
conditions investigated in this study since it gives the highest
DFG8-acinus based on elastic TWL model results.
All above-mentioned conclusions indicate that the diseasespecific airway deformation kinematics can significantly influence the
predictions of pulmonary air-particle flow dynamics. Therefore, it is
necessary to model the airway deformation simultaneously with the
tracking of particle-laden airflows in human respiratory system on a
disease-specific level in order to either accurately predict the drug
delivery efficiency to designated lung sites or assess the occupational
exposure health risks based on the lung dosimetry of the inhaled
toxicants.
VI. LIMITATIONS OF THE STUDY AND FUTURE WORK
As the limitations of this study, assumptions and simplifications
in the elastic TWL model are summarized as follows:
(1) In this study, only one idealized upper airway geometry was
employed, which neglects the inter-subject variability effect.4
(2) For the study of diseased airway deformation kinematics, the
residual volumes (RVs) are assumed to be the same among different lung disease conditions.
(3) Drug particles are assumed to be solid particles with constant
diameters, without hygroscopic growth in the humid lung
environments.
(4) The airway after G3 is assumed to be symmetrical as the first
step for the fundamental study of how airway deformation
kinematics can influence the air-particle flow dynamics in
human respiratory systems. However, asymmetrical structures
widely exist in subject-specific human respiratory systems, may
lead to airflow patterns the particle transport phenomena compared with symmetric structures.
To address the limitations of the study listed above, future work
include the following:

FIG. 12. Animation showing 1-lM particle transport and deposition in the elastic TWL model with physiologically realistic airway deformation for a healthy lung. Multimedia
view: https://doi.org/10.1063/5.0065309.1
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(1) To investigate the intersubject variability, more elastic TWL
geometries can be constructed using subject-specific mouth/
nose-to-throat geometries with asymmetrical bifurcating
structures.4
(2) To simulate more physiologically realistic lung disease conditions, diffeerent residual volume (RV) for different COPD
stages and other lung disease conditions will be calibrated and
integrated into the elastic TWL modeling framework.65–67
(3) The condensation/evaporation induced particle size change
dynamics69,70 in the human respiratory systems will be integrated into the next-gneeration elastic TWL modeling
framework.
(4) A whole-lung model with the feature of real anatomy will be
constructed in our future research to investigate the effect of
intersubject variabilities in airway anatomy after G3 on the airflow pattern and particle transport in the human respiratory
system.
SUPPLEMENTARY MATERIAL
See the supplementary material for the complete mesh independence test for the 3 D elastic TWL model.
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